One of the recently published concepts that combine the soft-tissue imaging capabilities of MRI with external beam radiotherapy involves the rigid coupling of a linac with a rotating biplanar low-field MR imaging system. While such a system would prevent possible image distortion resulting from relative motion between the magnet and the linac, the rotation of the magnet around the patient can itself introduce possibilities for image distortion that need to be addressed. While there are straightforward techniques in the literature for correcting distortions from gradient nonlinearities and nonuniform magnetic fields during image reconstruction, the correction of distortions related to tissue magnetic susceptibility is more complex. This work investigates the extent of this latter distortion type under the regime of a rotating magnetic field. Methods: CT images covering patient anatomy in the head, lung, and male pelvic regions were obtained and segmented into components of air, bone, and soft tissue. Each of these three components was assigned bulk magnetic susceptibility values in accordance with those found in the literature. A finite-difference algorithm was then implemented to solve for magnetic field distortion maps should the anatomies be placed in the uniform polarizing field of an MR system. The algorithm was repeated multiple times as the polarizing field was rotated axially about the virtual patient in 15°increments. In this way, a map of maximum distortion, and the range of distortion as the magnetic field is rotated about each anatomical region could be determined. The consequence of these susceptibility distortions in terms of geometric signal shift was calculated for 0.2 T, as well as another low-field system ͑0.5 T͒, and a higher field 1.5 T system for comparison, using the assumption of a frequency encoding gradient strength of 5 mT/m. Results: At 0.2 T, the susceptibility-related distortion was limited to less than 0.5 mm given an encoding gradient strength of 5 mT/m or higher. To maintain this same level of geometric accuracy, the 0.5 T system would require a moderately higher minimum gradient strength of 11 mT/m, and at a typical MR field strength of 1.5 T this minimum gradient strength would increase to 33 mT/m. The influence of magnetic susceptibility on mean frequency shift as the field orientation was rotated was also investigated and found to account for less than half a millimeter at 1.5 T, and negligible for low-field systems. Conclusions: A study of three sites ͑head, lung, and prostate͒ that are vulnerable to magnetic susceptibility-related distortions were studied, and showed that in the context of a rotating polarizing magnet, low-field systems can maintain geometric accuracy of 0.5 mm with at most moderate limitations on sequence parameters. This conclusion will likely apply only to endogenous tissues, as implanted materials such as titanium can create field distortions much in excess of what may normally be induced in the body. Items containing such materials ͑hip prostheses, for example͒ will require individual scrutiny.
I. INTRODUCTION
The goal of combining the excellent soft-tissue visualization of MRI with an external beam treatment unit has recently been pursued by a number of groups worldwide. Such a unit would allow for real-time tumor visualization during radiation treatment. Fallone et al. 1 have recently published images from a prototype unit which were acquired in the field of a 6 MV beam. The concept utilized by this group employs a biplanar magnet rigidly coupled to a linac head, allowing axial rotation of both components about the patient. ͑The term biplanar here refers to a magnet design with parallel plane pole faces, between which the patient's anatomy is placed.͒ This concept ensures that the rotating linac does not perturb the MRI magnetic field homogeneity, as the two components rotate in sync. However, the rotation of the magnet has the potential to create image distortion through changes in tissue susceptibility fields, changes in the orientation of gradient coil nonlinearity, and rotation of residual hardware B 0 inhomogeneities. The latter two sources of error have been well investigated in the literature, and methods exist to correct for these effects during the reconstruction process, assuming the gradient nonlinearities and machine B 0 inhomogeneities are well characterized. [2] [3] [4] The issue of tissue susceptibility effects is more complicated, however, since these effects are unique to each patient. The particular arrangement of air, bone, and various tissue interfaces found in vivo create a specific magnetic field distribution that can result in discernible image distortions. The rotation of the magnet complicates matters further, as each B 0 angle will generate a different susceptibility field for the same tissue distributions. These distortions are therefore more difficult to correct, as it is difficult to characterize them prior to the imaging session, unlike gradient nonlinearities and hardware-related B 0 field imperfections, which can be viewed as constant from patient to patient. There have been a number of proposed remedies in the literature that allow for correction of susceptibility distortions. However, these involve a calibration of the susceptibility field during each patient's imaging session, 5, 6 or a mathematical analysis of images acquired back-to-back with a reversed frequencyencode gradient polarity. 7, 8 Unfortunately for the rotating magnet, the calibrations would have to be repeated for each rotation angle, resulting in a lengthy addition to the treatment time for each patient. In the case of the reversed gradient technique, this would put restrictions on how sequences are run, and could compromise the ability to acquire data rapidly in real-time, for the purpose of tracking organ motion during breathing, for example. ͑Here, the approximate doubling of image acquisition time would reduce temporal resolution.͒ This work utilizes magnetic field simulations based on real anatomical contours to predict image distortions created by the susceptibility effect. Multiple simulations on the same contours have been carried out over a range of B 0 rotation angles to reveal how pixel distortion values vary with magnet angle. Three different sites have been simulated in this work: prostate, brain, and lung. These results should help reveal whether or not susceptibility distortion corrections need to be implemented on a rotating magnet design for treatment purposes. Of course, changes in position due to breathing and abdominal motion are likely to eclipse positional errors due to susceptibility concerns. However, in cases where imaging is performed rapidly to track breathing and/or abdominal motion ͑as is the case for the MRI/linac device mentioned above͒, other error sources such as those due to susceptibility effects become more dominant and are important to consider. In any case, it is always important to know the relative contributions of different error sources.
II. METHODS
Contours of tissue segmentations from CT data sets were obtained using an Eclipse workstation ͑Varian Oncology Systems, Palo Alto, USA͒. Segmentations were defined to demarcate soft tissue, air cavities contained in vivo, and bone. Three sets of contours were obtained: One for brain, one for lung, and one for prostate. These regions were chosen for their relevance to radiation treatment, as well as their proclivity for containing pockets of air, be it in the sinuses, bowel and rectal gases, or within the lungs. Air is an important concern due to its predominance in contributing to susceptibility distortion within tissue. This predominance can be attributed to the large discrepancy between its susceptibility constant ͑3.6ϫ 10 −7 ͒ ͑Ref. 9͒, and that of water ͑−9 ϫ 10 −6 ͒ to which most soft tissue can be approximated. 9 The contours, once obtained, were imported into MATLAB ™ ͑The MathWorks, Inc., Natick, MA͒ and used to generate volumetric susceptibility maps for each of the three anatomic sites investigated. To investigate the effects of bowel gases present during imaging, the prostate contours were processed twice, once with an added spherical contour of air placed over the region of the rectum. This spherical air contour had a diameter of 3 cm. Regions of air, soft tissue, and bone were assigned magnetic susceptibility values of 3.6ϫ 10 −7 , −9ϫ 10 −6 , and −1.131ϫ 10 −5 ͑Ref. 10͒, respectively. Voxels which straddled the contours were not interpolated, but assigned a value through a nearest-neighbor approach. The computed tomography ͑CT͒ data sets from which the contours were sourced contained resolutions of 1 mm in-plane, and 3 mm through-slice. The susceptibility maps were initially populated with this same resolution, but were then interpolated in-plane ͑again, using a nearest-neighbor criterion͒ to obtain an isotropic 1 mm grid. The only exception to this process pertained to the lung volumes, where much of the region contoured as air ͑due to low CT numbers in that anatomy͒ contained small vessels and low density tissue. Rather than strictly assigning this entire volume as air, a weighting equation based on CT numbers was used to assign the susceptibility constant
where m represents magnetic susceptibility and CT stands for the CT number. The 3D susceptibility maps as derived above ͑with 180 mm superior-inferior extent of for head and 288 mm for prostate and lung͒ were then input into an in-house finitedifference magnetic field simulation program. This program, based on a method described by Bhagwandien et al. 11 begins with the assumption of a uniform field, and iteratively warps the field distribution to converge to a solution which satisfies the fundamental equation
where B can be replaced with
Here, 0 is the magnetic permeability of free space and m represents a spatial distribution of magnetic susceptibility. Thus, this method allows the calculation of magnetic field from complex and arbitrary geometric arrangements of magnetic susceptibility and B 0 orientations. Our boundary condition is set by initially decimating our resolution and expanding our ROI in all dimensions by a factor of 8. The assumption is made that field contributions from the object in the center will have fallen to zero on this large outside perimeter. After this initial boundary condition is established, the routine iterates a solution three more times moving to finer resolutions, using the previous solution to set a new boundary condition about its perimeter. Details of the implementation can be found in Ref. 12 . To avoid complications arising from the sudden lack of data at the superior-inferior extent of our CT contours, the last available section on both sides of the data set was replicated out to the edge of the field of view ͑FOV͒ in all iterations. This would be a reasonable approximation near the edges of the data set. As one moves farther away, however, the approximation would be progressively worse. However, since the dipolar contribution of these outer slices to the FOV of interest would fall away as 1 / r 3 , the effect on our FOV should be minimal. Nevertheless, several slices of our resulting field maps on both the superior and inferior extent of our data were ignored to limit these contributions.
Each 3D susceptibility map used in this work was limited to roughly 25ϫ 10 6 elements to prevent the computation time from becoming impractically long. The head simulation was performed with a final field of view of 288ϫ 288 ϫ 288 mm, the prostate with 320ϫ 432ϫ 192 mm, and the lung with 256ϫ 352ϫ 288 mm. These dimensional sizes were optimized for each site to place the 25ϫ 10 6 voxels over as much anatomy as possible, while minimizing the number of voxels positioned over regions of air exterior to the patient contours. The simulations were performed in MAT-LAB on a 2.66 GHz PC workstation with two processors, and 16 GB of RAM. To emulate the effect of the biplanar magnet rotating about the subject, each anatomically derived susceptibility matrix was subjected to a B 0 field that was first oriented in the anterior/posterior direction, and then stepped through 15°incremental rotations about the "patient's" foot/ head axis. A resultant magnetic field map was generated for each of these orientations. Depending on the matrix, each simulation took between 3 and 6 h of computing time for each B 0 rotation angle. Symmetry principles were exploited to reduce the number of necessary simulations by a factor of two: Simulation pairs derived from B 0 orientations rotated 180°apart yielded B Z magnetic field distributions identical in magnitude, but with inverted direction.
To validate the simulation technique as applied above, an infinite annular cylindrical geometry oriented perpendicular to the applied B 0 field was modeled. This geometry was chosen as analytic solutions to the resulting field distribution can be derived and compared to our numerical results. The cylinder was modeled with an inner radius of 40 mm ͑Ra͒, and an outer radius of 70 mm ͑Rb͒. The inner and outer regions were assigned a magnetic susceptibility of 0, and the annular region was assigned a susceptibility of −9 ϫ 10 −6 ͑Fig. 1͒. The analytic solutions can be obtained from the literature, and are listed as follows for macroscopic magnetization in the inner ͑I͒, annular ͑A͒, and exterior ͑E͒ regions:
͑6͒
Both plots through the simulation ͑running normal to and perpendicular to the B 0 field͒ were compared to the analytical solution, as well as a root mean squared ͑RMS͒ comparison between the simulation results and the analytic solution over a complete image section. The simulation sets for each anatomical site were first treated with a frequency correction procedure before analysis. This step is performed routinely at the onset of clinical imaging sessions to compensate for mean field shifts caused by susceptibility effects on signal-producing tissue. Among other complications, images would experience a constant geometric shift in position along the frequency encoding gradient direction without this correction. Likewise, the simulation results from this work would contain a DC bias that would greatly exaggerate the field distortions predicted. However, it should be noted that this calculation is only approximate, as it is impossible to know from our data sets the relative signal weighting from the different soft-tissue pixels. To perform this correction, a mask was first created for each anatomic region to select only the voxels containing soft tissue. This will exclude voxels containing materials such as cortical bone or air from taking part in the frequency correction, as they would play no role in producing image signal. Each field simulation was then overlaid with the appropriate mask, and the mean field within the masked region was calculated. This value was then subtracted from the field simulations to create a mean field offset of zero within signalproducing regions.
Two implementations of this frequency correction were performed. In the first, all magnetic rotation angles were corrected on the basis of a mean field calculation derived from a single B 0 orientation ͑for this work, this single orientation corresponded to where the magnet poles were aligned with the anterior/posterior patient axis͒. In the second implementation, the magnetic field simulations for each rotation angle were corrected by their own corresponding mean field calculation.
III. RESULTS
The results of the validation simulation are displayed in Fig. 1 , showing good agreement between the analytic solution and the simulated data ͑plotted with dots͒. Note that the B field is continuous when following a trajectory through a plane boundary normal to the applied field ͑top plot͒, as is predicted by Maxwell's equations. An RMS comparison between the analytic solution and the simulation response over a complete image section was calculated to be less than a tenth of one ppm.
The frequency-corrected data sets for each anatomic site were analyzed to isolate the maximum magnetic field distortion calculated for any soft-tissue voxel at any B 0 rotational TABLE I. Maximum field distortions experienced by a voxel within the specified anatomic zone over a complete revolution of the magnet. Distortions which are greatest in magnitude are given, as well as the greatest range of field fluctuation as the magnet rotates. The corresponding geometric distortions for three field strengths are also given, assuming an encoding gradient strength of 5 mT/m. All these results are quoted first for the case where only a single frequency correction is performed, and then for the case where a frequency correction is performed at each magnetic rotation angle. angle. This represents the largest field deviation that would be produced in the imaging volume with a variable B 0 orientation as illustrated in Fig. 2 . These maximum distortion values are listed in Table I with units of parts per million ͑ppm͒. In addition to the maximum distortions predicted by these simulations, each voxel was analyzed to isolate the greatest range of magnetic field variation experienced by any soft-tissue voxel over the course of a complete magnet revolution. This speaks to the greatest field instability to which a voxel within these simulated imaging volumes could be exposed over one complete magnet revolution. This maximum field range is also listed in Table I for each anatomic region.
Please note that the voxel associated with the maximum distortion as discussed above does not necessarily correspond to the voxel with the greatest distortion range. The imaging consequence to these distortion maxima as described above is indicated in the last six columns of Table  I . These columns translate the magnetic field distortion values given in the columns to the left into geometric distortions that would be present in resulting images, using the relation given below.
As is clear from Eq. ͑7͒, these translations require the assumption of two parameters: The strength of the main magnetic field B 0 , and the strength of the encoding gradient, G E . 0.2 T was assumed for the magnetic field strength, as this has FIG. 3 . ͑a͒ and ͑b͒: Examples of the magnetic field maps for the brain site and how they were found to vary with magnetic field angle ͑ppm͒. ͑a͒ was simulated with B 0 oriented at 0°and ͑b͒ at 135°. ͑c͒ illustrates the maximum distortion found for each soft-tissue pixel throughout a complete magnet revolution. ͑d͒ illustrates the range of field experienced by each soft-tissue pixel through a magnet revolution.
FIG. 4. ͑a͒ and ͑b͒:
Examples of the magnetic field maps for the prostate site and how they were found to vary with magnetic field angle ͑ppm͒. ͑a͒ was simulated with B 0 oriented at 0°and ͑b͒ at 135°. ͑c͒ illustrates the maximum distortion found for each soft-tissue pixel throughout a complete magnet revolution. ͑d͒ illustrates the range of field experienced by each soft-tissue pixel through a magnet revolution. Fig. 4 but with a spherical contour of air included over the rectal area. High levels of distortion and variance were seen surrounding this contour, including the region were prostate would be located.
FIG. 5. Same as

FIG. 6. ͑a͒ and ͑b͒:
Examples of the magnetic field maps for the lung site and how they were found to vary with magnetic field angle ͑ppm͒. ͑a͒ was simulated with B 0 oriented at 0°degrees and ͑b͒ at 135°. ͑c͒ illustrates the maximum distortion found for each soft-tissue pixel throughout a complete magnet revolution. ͑d͒ illustrates the range of field experienced by each soft-tissue pixel through a magnet revolution.
been the strength proposed in the literature for a rotating MR-linac system. 1 Values were also given for another lowfield system at 0.5 T, as well as a more standard MR field strength of 1.5 T for comparison. As for the encoding gradient strength, the value of 5 mT/m was assumed. This value represents a setting that is on the lower end of the range used in clinical imaging. This value was chosen to assess the upper extreme of the geometric distortions that would result from the calculated susceptibility fields ͑the geometric distortion produced in an image is inversely proportional to the encoding gradient strength͒. Figures 3-6 illustrate the results for each anatomic site within one axial slice. For each of these figures, plots a and b display the magnetic field solution with the magnet rotated at 0°and 135°degrees, respectively, as an example of how internal fields can vary with the orientation of B 0 . Plot c illustrates the maximum geometric distortion experienced by each voxel within this slice over all the rotation angles, assuming a gradient strength of 5 mT/m. Lastly, plot d displays the distortion range experienced by each slice voxel over the course of a complete magnet revolution. Once again, a gradient strength of 5 mT/m was assumed. Figures 4 and 5 both represent solutions for the same anatomic contours associated with the prostate site, but the results in Fig. 5 include the effects from an extra contour simulating a region of gas over the rectum.
As the orientation of the main magnetic field B 0 was rotated about the virtual anatomies, the mean field contributions from the tissue susceptibilities and associated interface geometries were seen to vary. The span of this variance is an important consideration, as it determines whether frequency corrections on the basis of tissue susceptibility are required at every magnet angle, or if a single frequency correction based on an initial magnet orientation is sufficient. A plot of the mean susceptibility field contributions against magnet angle for all for anatomic sites discussed above is given in Fig. 7 . Each of these mean field values were determined by assessing all the soft-tissue voxels within a central 15 cm axial slab of the solution set, as detailed in Sec. II. As before, the field contributions from bone and air were not included in this calculation as these regions would not give rise to any measurable MR signal.
IV. DISCUSSION AND CONCLUSIONS
As displayed in Table I , the maximum magnetic field distortion experienced by any single voxel over a complete range of B 0 orientation angles was on the order of 7 ppm for brain and 8 ppm for prostate and lung. As for maximum field variability over all B 0 orientations, the maximum for all anatomies fell in the range between 10 and 14 ppm. It is important to note, however, that although these extreme values do exist within the anatomic regions examined, the majority of voxels have field distortions substantially lower than these ͑Figs. 3-6, plots c and d͒. That said, the regions that exhibit distortions in the realm of the extremes listed in Table  I can easily lie in clinically significant areas. For example, the magnetic field simulation demonstrated in Fig. 3 shows regions of higher distortion extending into brain tissue that originate from the air cavities in the sinuses. The male pelvic simulation displayed in Fig. 4 shows that under ideal circumstances, the region within and surrounding the prostate lies far away from the regions of higher distortion. However, in the case where rectal gas is present, the posterior prostate region becomes subject to much more extensive magnetic field distortion ͑Fig. 5͒. Lastly, the heterogeneity of lung tissue ͑with its extensive distribution of low-density pockets͒ makes it likely that any dense tumor masses within it will be subject to distortion values approaching the extremes in Table I ͓note the mass in the posterior region of the left lung in Fig. 6͑c͔͒ .
The good news for imaging with a rotating magnet at a low field such as 0.2 T is that even the extreme magnetic field distortion values seen in these anatomical simulations are likely to account for less than 0.5 mm of geometric error, as is seen in Table I . These estimates were made with the assumption of a 5 mT/m encoding gradient, which being on the low end of gradient strengths employed in the clinic, will generate predictions of geometric distortions that approach the upper bound of possible geometric distortion. Sequences do exist that typically employ effective gradients on the order of 1 mT/m, but these are primarily accelerated gradientecho sequences such as echoplanar imaging, whose proclivities for geometric distortion for reasons above and beyond tissue magnetic susceptibilities ͑such as eddy-current problems͒ 14 make this sequence type unlikely for real-time radiotherapy purposes ͑although in the case of nonsuperconducting magnets, the lack of a dewar will likely lessen eddycurrent problems͒. In any case, this work shows that the vast majority of available sequences could be run on this device without thought of geometric distortion, regardless of the anatomical region or changes in magnet orientation. At a slightly higher field of 0.5 T, the maximum geometric error increases to roughly one millimeter, assuming an encoding gradient of 5 mT/m. The geometric accuracy at this field strength could be improved to the same degree as that of the 0.2 T unit by increasing the encoding gradient to a moderately higher minimum value of 11 mT/m. Were the B 0 field to increase to 1.5 T, which is a more standard MR field strength, the limits on the encoding gradient would be more stringent: In order to maintain the less than 0.5 mm error, the encoding gradient would need to be greater than 33 mT/m. While this is typically achievable given the strengths of commercially available gradient sets today, it would come at the cost of some sequence flexibility. Although only in-plane distortions have been explicitly discussed, it should be noted that the same positional errors as quoted can be applied directly to both the slice select direction as well, subject to the slice-select gradient strength.
It is important to point out that the findings from this work do not take into consideration the effects of implanted devices, such as hip replacements, which may generate magnetic distortions much greater than those generated by endogenous tissue interfaces. For example, titanium, which is a common component in implanted hip prostheses, has a susceptibility constant of 182ϫ 10 −6 ͑Ref. 9͒, yielding a titanium/tissue susceptibility difference substantially greater than tissue and air. This, together with complicated implant geometry makes strong and intricate susceptibility-related magnetic fields likely. Of course, active shimming could help mitigate potential low-order distortions from these implants. However, even if one invested the extra time needed to shim the field at every treatment angle, it is unlikely that the complicated field gradient surrounding the implants would be cancelled efficiently by imaging shim sets. Thus one needs to consider simulations of these devices within anatomical tissue contours in order to establish reasonable sequence constraints that would yield images free of undue distortion. This is the subject of future investigation. Figure 7 illustrates the variation in the mean soft-tissue magnetic field as the magnet rotates about the virtual subjects. This is an important result for the rotating MR system, as it shows that for the different anatomies studied, the largest field deviation as the magnet moved around its complete angular range was 1.3 ppm. This translates to a geometric shift of less than a tenth of a millimeter at 0.2 T, and just over a tenth of a millimeter at 0.5 T, assuming an encoding gradient of 5 mT/m. So although there will be some field variability during rotation derived from external ferromagnetic sources in and surrounding the MR suite, these variations can be calibrated as part of a regular quality assurance program in the absence of patients. The patient's susceptibility contribution to angular mean field variability appears negligible at low field, not to mention minimal at higher field strengths such as 1.5 T. As a result, the mean resonant frequency seen by the receiver need only be measured once during each patient imaging session. Of course, if concerns arise about field shifts due to temperature drift or other timedependent factors, such as the movement of large ferromagnetic objects surrounding the MR suite ͑as in an elevator͒, one would still have to monitor the resonance frequency at regular intervals. However, since the susceptibility effects alone will have insignificant effects on resonance frequency as the magnet rotates, the frequency monitoring could possibly be achieved through a separate sensor, independent of the imaging signal and sequencing.
It has been shown in the literature that careful mapping of gradient-field nonlinearities and B 0 field imperfections can be used to correct images during the reconstruction process with a geometric accuracy suitable for radiotherapy. Corrections for tissue susceptibility distortions, however, are less practical due to their patient-specific nature, particularly with a rotating magnet, as the susceptibility field variations would vary with changes in magnet angle. The simulations performed in this work with real patient tissue contours on brain, prostate, and lung have demonstrated that even the voxels demonstrating the most extreme susceptibility distortion over the course of a complete magnet revolution contribute to less than half a millimeter of distortion under the vast majority of imaging scenarios at 0.2 T. This statement can be extended to low field in general ͑on the order of 0.5 T or lower͒ with a moderate limitation on the minimum frequency encoding gradient, found herein to be roughly 11 mT/m.
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